Computational fluid dynamics (CFD) simulations were carried out for an oscillatory flow in a 3D realistic model of the human central airways to reveal the effect of airway geometry on the oscillatory flow structure. This 3D realistic airway model is a computational model of multi-branching airway constructed based on X-ray CT images of actual human airways in which the airway diameter ranged from approx. 2 to 14 mm, and the flow in this airway model was simulated using CFD software (Fluent). The resultant inspiratory flow patterns in this 3D realistic airway model were relatively similar to patterns observed in a simplified planar multi-branching airway model, whereas the expiratory flow patterns strongly depended on the realistic airway geometry and showed more complicated secondary flow patterns. Secondary flow velocities were higher in the realistic airway model than in the simplified airway model in both the inspiratory and expiratory flows. Langrangian fluid particle tracking clarified the convective dispersion due to asymmetric inspiratory and expiratory velocity profiles.
Introduction
Lung diseases such as pulmonary adenocarcinoma are, in most cases, caused by the deposition of inhaled particles within the lung. Locations of these diseases are closely related to the airflow patterns in the lung airways (1) . Drug delivery systems via the lung are being developed (2) , and thus, airflow patterns are considered a key factor in predicting the transportation of drug particles (3) .
Airflow in airways has gained attention of biomedical engineers to clarify the gas transport mechanism. Although high frequency ventilation（HFV）is an effective respiratory technique when the tidal volume is smaller than the normal respiration and the frequency is about 15 Hz, the flow structure and the gas transport mechanism during HFV remain unclear.
Because human airways basically consist of complicated 3D multiple asymmetrical bifurcations, previous model studies of flow in airways have generally assumed simplified curved or bifurcated geometry. Zhao et al.
(5)(6) , Fujioka et al. (7) , Nishida et al. (8) , and
Yamaguchi et al. (9) have either experimentally or numerically investigated flow in a planar single bifurcation . Tanaka et al. (10) and Mochizuki et al. (11) measured the oscillatory flow in planar multiple bifurcating tubes and reported the flow characteristics such as secondary flow and flow separation. Moskal et al. (12) calculated the aerosol deposition in a planar asymmetrical multiple bifurcating airway model, and reported the temporal and spatial deposition of aerosol particles under various particle diameters and flow conditions. Kleinstreuer et al. (3) calculated the aerosol deposition in a symmetrical multiple bifurcating airway model with hemispherical tumors. Because all these studies only dealt with simplified geometry, the differences in flow structure and mass transfer characteristics between simplified geometry and real geometry remain unclear. More realistic studies are necessary to quantitatively evaluate difference in flow characteristics between simplified and realistic models. The purpose of this study was to clarify differences in flow characteristics between simplified geometry and real geometry, using numerical simulation of the flow pattern and fluid particle tracking in a realistic model of the human central airways. Computational fluid dynamics (CFD) simulations were carried out for an oscillatory flow in a 3D realistic model of multi-branching airways constructed based on X-ray CT (Computerized Tomography) images. The resultant oscillatory flow structure was then compared with that observed in a simplified planar multi-branching model (10) under the same flow conditions.
The results represent basic knowledge of the gas transport mechanism during HFV. Fig. 1 shows representative raw data of horizontal CT slices (1a) and extracted cross-sections (1b) of the airways of a male aged 70 years at z = 55 and 113 mm, where z is the axial coordinates from the entrance of the trachea. Airway geometry was determined based on a previously reported method (13) . In brief, first the airway region was automatically segmented in the top slice image and the initial seed point was selected. Then, the bronchial tubes were extracted from a total of 80 CT-slice images in 3-mm intervals in Vol. 4, No. 3, 2009 the z-direction by using the 3D region growing method (13) . Based on the extracted bronchial tubes, the horizontal cross-sectional images in 1-mm intervals in the z-direction were constructed by spline interpolation. The extracted airway diameter ranged from about 14 mm (trachea) to 2 mm (seventh generation at maximum), which corresponds to the range in the asymmetrical multiple bifurcating model used by Tanaka et al. (10) . Realistic 3D airway geometry was reconstructed by "piling up" the extracted and interpolated airway cross-sections in the z-direction by using commercial 3D visualization software (3D-Doctor). Fig. 2 shows the computational mesh for the resultant realistic 3D airway geometry. Grid generation software (Gambit 1. 2. 6 and T-Grid 3. 5. 4) was used to produce the unstructured hybrid mesh by combining interior tetrahedral and near-wall prism cells. Two layers of near-wall prism cells were 0.22 mm thick. The total number of cells was 399, 059. The inset in Fig. 2 shows cells in an enlarged view of the mesh. The cell volume ranged from 1.2 mm 3 to 8.2×10 -6 mm 3 depending on the airway diameter. The airway wall was assumed to be rigid because airways with relatively large diameter were chosen as the subject of the study.
Airway geometry and mesh generation

Numerical methods
Governing equations and boundary conditions
The working fluid in the simulations using the 3D realistic airway model was air The method of second-order upwind finite differences was used for the discretization of the convective term, and a commercial CFD package (Fluent 6. 1. 22) was used for the numerical analysis. For boundary conditions at the distal branches (Fig. 3, Table 1 ), sinusoidal mass flow rates were imposed to match the flow rate distribution for each branch (Branch No. 3, 5, 8, 11, 14, 25, 26, 35, 36, 37, 38) , as reported by Horsfield et al. (14) based on detailed measurements of the airway structure. Inflow velocity profile was assumed to be flat in the cross-section. For boundary conditions at the trachea side, constant pressure (atmospheric pressure) was imposed. For the flow conditions, dimensionless tidal volume V T / r 3 = 40 (V T : tidal volume，r : airway radius) and dimensionless frequency α = r (ω/ν) 0.5 = 7.5 (ω : angular frequency, ν : kinematic viscosity) at the trachea were chosen for comparison to match those in the simplified planar model reported by Tanaka et al. (10) .
These flow conditions correspond to a neonatal airway diameter of 6 mm at V T = 1 ml and f = 15 Hz being typical to HFV operation. In this work, V T =20 ml and f =2 Hz at the trachea. Because the resistance and time constant of each lung unit to which distal branches are connected are unknown, the flow rate Q was given at the distal end of each branch (mass flow rate waveform: Q = γ V T / 2 ρ ω sin ω t, where γ is the flow distribution ratio). Thus, similar to the comparative experiment by Tanaka et al. (10) , phase shift among different branches was not considered in this study.
Particle tracking method
To clarify the motion of fluid particles during oscillatory flow in the airways, trajectories were calculated for the minute particles that follow convective movement. The discrete phase model in the Fluent software was used to calculate these trajectories by integrating the particle velocity u p obtained from the following equation describing the particle motion in the Lagrange formulation.
Here, µ is fluid viscosity, ρ p is particle density, d p is particle diameter, and C D is the drag force coefficient calculated from a 1 +a 2 / Re p +a 3 / Re p 2 , where Re p is the particle Reynolds number (= D p |u p -u| / ν) and a is the constant given by Morsi et al. (15) . The second and third terms on the right side of this equation represent the additional mass and pressure term, respectively. Because Eq. (3) is not coupled with the flow momentum conservation equation, the Table 1 Distribution of flow determined by Horsfield (14) , and boundary conditions for oscillatory flow. (14) .
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minute particles do not affect the flow field. In the trajectory calculations, the particle diameter d p = 1×10 -3 mm, the density ρ p was set equal to that of the working fluid, namely, air, and when a particle struck a wall, the particle was assumed to retain all of its normal or tangential momentum after the rebound. In this calculation, the solutions were almost converged after 5 cycles, and the relative percentage error was within 1% after 15 cycles. Thus, only the calculation results after 20 cycles are considered here. The time stepΔt was 2.4475×10 -3 s, corresponding to 200 divisions in a cycle.
Validation of computational method
Validation of the computational method involved calculating the inspiratory and expiratory steady flow in a Y-shaped symmetric bifurcation, and then comparing the computational results with experimental results reported by Zhao et al.
(5) (6) . The computational velocity profiles in the bifurcation agreed well with the experimental velocity profiles (Fig. 4) , with a maximum velocity error on the order of 5%.
Following performance of tracer particles
The performance of the tracer particles was evaluated by preparatory calculations for oscillatory flow in a straight circular tube with interior tetrahedral and near-wall prism cells using different values of d p , from 1×10 -6 to 1 mm. Comparison of particle displacement in a cycle to the analytical behavior in a straight circular tube (16) showed that the numerical error at d p ＝1×10 -3 mm was within 5% on the cross-sectional average. Fig. 7 shows results using the simplified planar branching model reported by Tanaka et al. (10) . The overall flow features in the peak inspiratory flow in the realistic airway model (Figs. 5 and 6) are relatively similar to those observed in the planar branching model, although differences are clearly evident.
Results and discussion
In the secondary flow patterns in the realistic airway model (Fig. 5) , a pair of secondary vortices occurred in each cross-section downstream of the trachea (Planes R1, R2, L1, L2). .
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The directions of secondary vortices are reverse between the right and left bronchus (Planes R1, L1), and in each bronchus, the directions of secondary vortices are also reverse upstream and downstream of the trachea (Planes R2, L2). The occurrence and directions of secondary vortices are qualitatively similar to those observed in the planar model (10) (Fig.   7 ). The flow passage in the airways is characteristic of a sequence of curved tubes, resulting in the development of secondary flow; namely, the slow fluid near the wall flows towards the inside curvature along the wall, and the core of the flow deflects towards the outside curvature. The reversed secondary flow apparently occurs due to the reversed curvature of the geometry between the right and left bronchus (Plane R1, L1) and between locations upstream and downstream of the trachea (Plane R2, L2). In the realistic airway model, double vortices in each cross-section exhibited asymmetrical velocity profiles, whereas double vortices exhibited symmetrical velocity profiles in the planar model, thus indicating that the flow structures are influenced by the 3D airway branching geometry.
In the axial velocity profiles in the realistic airway model (Fig. 6 ), flow at plane L1 is deflected towards the inside wall. At planes R1 and L2, the maximum axial velocity occurred near the center of the tube, because the flow path is S-shaped, and the direction of centrifugal force is reversed, thus suppressing the deflection of the axial velocity. These tendencies are relatively similar to those observed in the planar model (10) . In addition, in each cross-section, flow is relatively symmetric in the upper and lower halves of the cross-section, similar to the tendency in the planar model. However, differences in the axial velocity profiles between the two models are evident as follows. In the realistic airway model, flow at plane A deflects towards the right bronchus side and the maximum velocity occurs near the wall, and flow at plane R2 deflects towards the outside. In the planar model, the maximum velocity occurs near the tube center at both planes A and R2. Thus, the flow structure is apparently influenced by the 3D airway branching geometry. In general, the axial flow deflection tends to be smaller in the realistic airway model compared with that in the planar model.
Expiratory flow
Figs. 8 and 9 respectively show the secondary and axial velocity profiles at peak expiratory flow (ω t = 3π / 2) in the realistic airway model, and Fig. 10 shows the corresponding results in the planar branching model reported by Tanaka et al. (10) . Flow patterns in the realistic airway model (Figs. 8 and 9 ) are distinctly different from those in the planar branching model (10) ; namely, compared with inspiratory flow patterns, expiratory flow patterns are strongly influenced by the 3D airway branching geometry. Except for planes A and R2, secondary velocity profiles in the realistic airway model (Fig. 8) show quite different flow features compared with those in the planar branching model (10) . In the planar branching model (Fig. 10) , the merging flow creates double secondary vortices in half of the cross-section at planes A, R2 and L1 due to the merging of the vortices induced in each daughter tube, and the double secondary vortices reduce to a single vortex at planes R1 and L2. In the realistic airway model (Fig. 8) , two pairs of vortices due to the merging flow occur at planes A and a single pair of vortices induced by curvature of an airway occurs at plane R2. Thus, the flow features at planes A and R2 in the realistic airway model are relatively similar to those observed in the planar branching model (10) . In contrast, the flow features at planes R1, L1 and L2 in the realistic airway model are entirely different from those in the planar model. Although a single pair of secondary vortices is observed at plane R1, secondary flow indicates reverse direction compared with those both in inspiratory flow in the realistic model and in expiratory flow in the planar model. At planes L1 and L2 in the left bronchus, no distinct secondary flow patterns, such as pairs of vortices in the planar model, are observed, indicating that these flow patterns are complicated due to the merging flow in the realistic geometrical bifurcations. Fig. 9 shows axial velocity profiles at peak expiratory flow in the realistic airway model. In the expiratory flow, maximum axial velocity in each cross-section is generally Vol. 4, No. 3, 2009 higher than those in the inspiratory flow, and deflects significantly towards the outside of the model airways. These tendencies are similar to those observed in the planar model. In contrast, double-peak velocity profiles in the vertical direction of the cross-sections observed in the planar model are not observed in the realistic model. The velocity profile in the realistic airway model shows double peaks in the horizontal direction at plane A, and a (10) .
Vol. 4, No. 3, 2009 single sharp peak at other planes (Planes R1, R2, L1, L2). Table 2 shows the kinetic energy of the secondary flow S in each cross-section at peak inspiratory flow for the realistic airway model and the simplified Vol. 4, No. 3, 2009 planar model by Tanaka et al. (10) . This S is used as an indicator of the intensity of the secondary flow, and is defined based on u s and u max in each cross-section:
Cross-sectional average kinetic energy of secondary flow 4.2.1 Inspiratory flow
where A is the cross-sectional area. For comparison, Table 2 also lists the corresponding experimental results for the planar asymmetrical bifurcating model (10) . Because these experimental results were calculated based on the secondary velocity component in the direction along the plane of symmetry, S in the inspiratory flow in the realistic model is on average 9.6 times higher than that in the planar model; 25 times higher at plane L2 and 16 times at plane R1, but only 4.3 times higher at plane L1 and 3 times at plane R2. At plane A, S is 62 times higher only because S in the planar model is very small. In the realistic airways model, due to the significant increase in S at planes R2 and L1, S decreases as the flow moves downstream in the right bronchus (planes R1 and R2) and increases in the left bronchus (planes L1 and L2). Thus, the secondary flow variation in the axial direction indicates an opposite tendency between the realistic and planar models. Table 3 shows the kinetic energy of S in each cross-section at peak expiratory flow. Similar to the trend in the inspiratory flow, S in the expiratory flow is generally higher in the realistic model than in the planar model. However, the difference in S in the expiratory flow between the two models is smaller than that in the inspiratory flow, and S is on average 6.4 times higher than those in the planar model. Locally, as the flow moves downstream, S increases significantly at plane R1, and is about 17 times higher than that in the planar model, and 9.3 and 5.7 times higher at planes A and L2, respectively. Similar to the trend in the inspiratory flow, S in the realistic airway model does not increase significantly at plane L1. At plane R2, S is 6.3 times higher than that in the planar model due to the small S value in the planar model. Because the S value increases significantly at planes R1 and L2 in the realistic model, variation in S in the axial direction indicates the same tendency between the realistic and planar models; namely, S increases as the flow moves downstream in the right bronchus (planes R2 and R1) and decreases in the left bronchus (planes L2 and L1).
Expiratory flow
Fluid particle trajectories during oscillatory flow
Fig . 11 shows the results of fluid particle tracking at the end of each cycle. Approximately 30,000 marked fluid particles were initially positioned homogeneously on the cross-section in the trachea at peak inspiratory phase (ω t = π / 2) (Fig. 11a) . Figs. 11b-d respectively show the dispersion of fluid particles after 1 to 3 cycles (t / T = 1-3, where T is the oscillatory period), whose flow phase is expressed by the wave-form above the figures. The initial positions of the particles were near mid-length of the airway model to avoid the Table 2 Comparison of S variation at peak inspiratory flow for the realistic airway model and the simplified planar model. Vol. 4, No. 3, 2009 effects of model boundary on the particle motion. Firstly, the particles reach the terminal airway in the right bronchus side after one cycle (Fig. 11b) , and then reach the terminal airway in the left bronchus side after two cycles (Fig. 11c) . After three cycles (Fig. 11d) , the particles are distributed throughout the entire airway model. Although the flow is oscillatory, particles apparently do not return to their starting positions at the end of each cycle, but are dispersed in the longitudinal direction every cycle with significant stirring.
The mechanism of dispersion of fluid within the airways was investigated by calculating the trajectories during 3 cycles for typical particles with different initial positions (Fig. 12) . The trajectory of each particle indicates complex 3D characteristics, and strongly depends on the initial position. Dispersion of fluid apparently is governed by flow separation and by the difference in axial velocity profile between the inspiratory and expiratory phases. The trajectories of particles at positions #1 and 3 indicate that some particles are trapped and stagnated in the region of flow separation that occurs near the bifurcation in the expiratory phase. Because the flow separation vanishes in the inspiratory phase, these particles are released and transported a significant distance towards the terminal airways. Such particle behavior qualitatively corresponds to that observed in the flow visualization using ink in the planar symmetrical multi-branching tubes reported by Mochizuki et al. (11) . The trajectories of particles at positions #0, 4, and 7, however, indicate that some particles are transported towards the trachea due to the difference in velocity profile between the inspiratory dividing flow and the expiratory merging flow rather than to the flow separation. This behavior is considered convective streaming (17) caused by the directional asymmetries in the axial velocity profile between the inspiratory and expiratory flows, in which fluid particles spread out in the axial direction by a net streaming motion without being trapped by flow separation directly.
Conclusions
The numerical simulation results of oscillatory flow in CT image-based realistic model human airways yielded the following conclusions.
(1) Inspiratory flow patterns in the realistic airway model are similar to the patterns observed in a simplified planar airway model, although in the realistic model the expiratory flow patterns strongly depend on the airway geometry and the secondary flow structures are more complicated. (2) Secondary flow velocities are higher in the realistic airway model than in the planar airway model in both the inspiratory and expiratory flows. In the inspiratory and expiratory flow, the S values, which indicate the cross-sectional average kinetic energy of secondary flow, are on average higher (9.6 and 6.4 times, respectively) in the realistic airway model compared with those in the planar model. (3) Fluid particle tracking revealed that the direction-dependent velocity profile with flow separation at the bifurcation promotes axial fluid dispersion in the airways.
